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Abstract 
Simulations of blood flow in the cardiovascular system offer investigative and predictive 
capabilities to augment current clinical tools.  Using image-based modeling, the Navier-Stokes 
equations can be solved to obtain detailed 3-dimensional hemodynamics in patient-specific 
anatomical models.  Relevant parameters such as wall shear stress and particle residence times 
can then be calculated from the 3D results and correlated with clinical data for treatment 
planning and device evaluation.  Reduced-order models such as open or closed loop 0D lumped-
parameter models can simulate the dynamic behavior of the circulatory system using an analogy 
to electrical circuits.  When coupled to 3D simulations as boundary conditions, they produce 
physiologically realistic pressure and flow conditions in the 3D domain.  We describe 
fundamentals and current state of the art of patient-specific, multi-scale computational modeling 
approaches applied to cardiovascular disease.  These tools enable investigations of 
hemodynamics reflecting individual patients physiology, and we provide several illustrative case 
studies.  These methods can supplement current clinical measurement and imaging capabilities 
and provide predictions of patient outcomes for surgical planning and risk stratification. 
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1. Introduction to cardiovascular simulation 
Simulations of blood flow in the cardiovascular system offer a means to augment current medical 
imaging modalities and physician experience to potentially improve treatment outcomes for a 
range of cardiovascular diseases.  Perhaps more importantly, simulations offer predictive 
capabilities to test new surgical concepts, medical devices, and post-operative surgical outcomes.  
Recent advances in computing technology and efficient algorithms have led to increasingly 
realistic and accurate simulations, which now capture physiologic levels of blood pressure, 
detailed anatomy, feedback mechanisms of the circulatory system, and vessel wall 
deformations.[1-4]  
Early work in fluid mechanics of blood flow produced analytical solutions of the Navier-
Stokes equations for pulsatile flow in rigid and elastic tubes.  These solutions were derived by 
J.R. Womersley in the 1950s and are now widely used, in particular as boundary conditions for 
large-scale flow simulations.[5-10]  Following this, starting in the 1960s, lumped parameter 
models of the circulatory system were developed by analogy to electrical circuits.[11-13] These 
models have the advantage that they are governed by ordinary differential equations and can be 
readily solved in near real time on a desktop computer.   While they do not provide spatial 
information, they can be quite complex, providing a surprisingly realistic representation of 
circulatory dynamics. The one-dimensional equations of blood flow (introduced by Hughes and 
others in the 1970s) also offer an attractive means to obtain near real-time solutions of 
circulatory flow dynamics, and can be coupled to 3D solvers as boundary conditions.[14, 15]   
The advent of patient specific modeling in the 1990s paved the way for increasingly 
detailed flow and pressure information to be solved on an individualized basis.   Starting from 
patient image data (typically MRI or CT) a three dimensional model is constructed to represent a 
portion of the anatomy, often including a diseased region of interest.[16-20]   Since only a 
portion of a patient’s anatomy can be included in the 3D model, both due to computational 
expense and limits of image resolution, boundary conditions must be applied at inlets and outlets 
of the model to accurately represent the vascular network outside.    Patient specific modeling 
has been applied to a wide range of cardiovascular disease applications, including abdominal 
aortic aneurysms, cerebral aneurysms, coronary artery disease, heart valves, and congenital heart 
disease.[3, 4, 21, 22]  We first outline the procedures for patient specific modeling and available 
methods for flow simulations. We then outline the basic mathematical formulations for boundary 
conditions and multiscale modeling methods used in computational fluid dynamics simulations 
of blood flow.  
2. Governing equations for hemodynamics 
Blood flow is governed by the Naiver-Stokes equations, which are, for an incompressible, 
Newtonian fluid, 
  
. 
While non-Newtonian effects are known to be important in specific scenarios, for example in 
capillary flow, we focus here on Newtonian flows, which is a widely accepted assumption for 
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large vessel hemodynamics.[23] 
 These equations can be solved numerically using finite volume or finite element methods, 
among others, with appropriate boundary and initial conditions.   This typically requires high 
performance parallel computing, with significant computational requirements. Issues that must 
be addressed when choosing a numerical method for the CFD solver include mesh resolution, 
complex geometry, use of artificial dissipation, and ability to resolve small-scale structures in the 
flow.     
3. Current methods for patient specific modeling 
3.1 Patient Specific Model Construction 
Patient specific simulations are typically performed on three-dimensional models of vascular 
anatomy that are derived from patient image data.   Depending on the disease application, either 
CT or MRI data is typically used.   Image data may be segmented using 2D or 3D level set or 
thresholding methods.[24-26]   Common packages for image segmentation include open source 
packages such as Simvascular (simtk.org) or ITK-SNAP, or commercial packages such as 
Mimics (Materialise, Leuven, Belgium).  The typical steps for model construction using 2D 
methods are 1) create paths along vessels of interest, 2) manually or automatically draw 
segmentations of the vessel lumen at discrete locations along the paths, 3) loft (interpolate) the 
segmentations together to create a 3D solid model, and 4) mesh the model for use with a CFD 
solver.  The typical steps for model construction using a 2D method are shown in Figure 1 for a 
patient specific model of the normal cerebral vasculature.  Advantages of 2D methods are the 
ability to smoothly represent vascular tree-like branching patterns, such as occur in the 
pulmonary arteries.   Advantages of 3D methods include the ability to more readily capture 
details of local complex geometry, particularly in aneurysms or complex surgical connections. 
Ultimately, it is likely a combination of both methods that will prove most advantageous in 
future work.  While automated methods do exist for both 2D and 3D segmentation, noise in the 
image data often leads to significant user intervention and the need for manual segmentation.  
Improvements in automated segmentation methods, for example by applying machine learning 
algorithms, would greatly improve efficiency, reduce user input, and enable high-throughput 
model construction for clinical applications.[27]     
 
3.2 Computational methods for blood flow simulation 
Both finite element and finite volume methods have been used to solve the Navier-Stokes 
equations in cardiovascular applications.  Finite element methods (FEM), which are most widely 
used, are well suited to complex geometries with unstructured meshes.    Most recent work has 
used stabilized (SUPG) methods with linear elements, but higher order elements have also been 
employed.[28-30]   In the FEM approach, the weak form of the Navier-Stokes equations is 
solved. While commercial solvers can be used on a limited basis, custom solvers offer more 
flexibility and control over boundary condition implementation, which is essential for obtaining 
an accurate solution.  
Immersed boundary methods, introduced by Peskin in the 1970s, offer an attractive 
alternative in many situations, and have been successfully applied to heart mechanics and device 
design.[31-33]   These methods offer the advantage of using structured grids for improved solver 
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efficiency, but the disadvantage of limited mesh resolution in key areas such as near-wall 
boundary layers.  They are particularly attractive for fluid-structure interaction problems.  
Unstructured finite volume methods also offer an attractive alternative to FEM methods, 
particularly with non-commercial codes that do not require additional stabilization terms.  These 
methods have been shown to more accurately capture cycle to cycle variations in unsteady flow 
in aneurysms, showing surprising evidence of turbulence at low Reynolds numbers.[34, 35]    
 
3.2 Fluid-Structure Interaction 
Deformation of the vessel walls can be included via fluid-structure interaction (FSI) simulations, 
in which the solid and fluid domain problems are solved simultaneously using either iterative 
coupling or strong coupling, as in arbitrary lagrangian-eulerian (ALE) methods.   Strongly 
coupled methods are particularly attractive for large deformation problems, including membrane 
buckling, valves and ventricular mechanics.[36, 37]  However, their computational cost can 
make them prohibitively expensive for some applications.  Immersed boundary methods offer an 
attractive alternative, which allows for use of structured mesh solvers in problems with complex 
geometries.   Other approaches to reduce computational cost include the coupled momentum 
method of Figueroa and Taylor, which relies on a small deformation approximation based on 
Womersley theory to impose forces on the fluid domain without requiring mesh motion.[1, 38]    
4. The importance of boundary conditions 
The choice of boundary conditions is of paramount importance in cardiovascular simulations, as 
the local flow dynamics are greatly influenced by conditions upstream and downstream of the 3D 
model. Numerous studies have demonstrated drastic differences in flow solutions, even with 
simple geometries, and particularly in models with multiple outlets.[2, 39, 40]  Commonly used 
outlet boundary conditions such as zero-pressure or zero-traction, while easiest to implement, are 
well known to lead to unrealistic solutions, in part because of their inability to capture 
physiologic levels of pressure.  These methods should not be used for fluid-structure interaction 
problems where the wall deformation depends directly on the pressure level in the vessel.    
4.1 Inflow Boundary Conditions 
A typical model with inlets and outlets requiring a variety of boundary conditions is shown in 
Figure 2.   Inflow boundary conditions are typically enforced at the inlet of the 3D model, and 
three choices are commonly available.   The simplest choice is to use a plug flow condition, 
applying a uniform velocity profile.   However, this assumption is known to be invalid for flow 
in a pipe, particularly in unsteady flow.   A more realistic choice is to impose a parabolic flow 
profile using the Poiseuille solution for flow in a circular pipe, a well known analytical solution 
of the Navier-Stokes equations in cylindrical coordinates where the axial component of velocity 
 is 
. 
Further improvement can be made by using the analytical solution for pulsatile flow in a pipe of 
Womersley, which is given by 
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where  is the amplitude of sinusoidal pressure oscillation,  is the frequency,  is the tabulated 
Bessel function of the first kind, and R is the vessel radius.  Full derivation of this solution as 
well as the solution for a general waveform and for an elastic tube has been presented by Zamir 
and others.[5, 41, 42] 
 
4.2 Outflow Boundary Conditions 
The choice of outflow boundary conditions in cardiovascular modeling is a much more complex 
issue compared to the choice of inflow conditions.  Typical choices include zero pressure or zero 
traction conditions applied at the outlet, resistance or impedance conditions, reduced order 
models which can be open or closed loop, or reduced order one-dimensional wave propagation 
equations.   It is desirable to choose a boundary condition that can capture physiologic levels of 
pressure, particularly for applications involving deformable walls.  In this section, we outline 
several common choices for outflow boundary condition prescription using zero-pressure or 
lumped-parameter models, and their effects on simulation results. 
The vascular resistances in the arterioles and capillaries are largely responsible for 
producing the blood pressures observed in the large arteries.  The same vascular resistances are 
also responsible for regulating the distribution of blood flow into different regions of the body.  
A fluid dynamic simulation of large arteries alone, without consideration of the smaller 
downstream vessels, neglects this important effect of vascular resistance.   
Figure 3a shows an example of such a scenario, where a zero pressure outflow boundary 
condition is used.  The pressure in the 3D domain is much lower than normal physiological 
levels, and the amount of flow through the two different outlets is solely determined by the 
vessel geometry.  Without any downstream resistances, small variations in the conduit resistance 
in the 3D domain lead to drastic flow bias.  In the example shown, the average flow rates through 
the main and branch outlet are 43mL/s and 2mL/s, respectively, meaning that almost no flow is 
passing through the branch outlet.  Also, as a result of near zero pressure, the outlet flows are 
artificially sensitive to small pressure perturbations in the 3D domain from accelerations of fluid.  
This artifact is seen in the example as the branch outlet exhibiting reverse flow during the 
deceleration phase of the inflow waveform.  This is inconsistent with most physiological 
scenarios where the larger branch is more likely to exhibit reverse flow.  Due to artifacts and the 
lack of ability for adjustments, the resulting pressure, flow, and flow split from using a zero 
pressure boundary condition usually cannot reflect realistic physiological conditions. 
Resistance outflow boundary condition is a simple approach to partially capture the 
effects of downstream vasculature, thereby achieving appropriate flow split between the outlets.  
Figure 3b shows an example simulation with the same 3D geometry as 3a but with resistance 
outflow boundary condition.  The ratio between the resistances at the two outlets was adjusted to 
vary the flow split; the average flow rates through the main and branch outlet are now 24mL/s 
and 21mL/s, respectively.  The flows through the outlets are now governed principally by the 
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outflow resistances and no longer by small resistance and pressure perturbations in the 3D 
domain.  Note that with resistance outlet boundary condition prescription, there is a direct linear 
relationship between the flow and pressure.  The pressure waveform, as well as the flow 
waveforms through the two outlets, all have the same shape and no phase-lag relative to each 
other.  More importantly, this direct linear relationship can lead to large swings of pressure as 
flow varies over time.  In the example shown, the average pressure over the cardiac cycle is 112 
mmHg, which is physiologically realistic, but the pressure peak is unrealistically high due to the 
pulsatile inflow.  In summary, resistance outflow boundary conditions can be useful in steady or 
near-steady flow cases, but for pulsatile flow conditions, a more complicated lumped-parameter 
model outflow boundary condition should be used.   
Due to blood vessel compliance, wave propagation occurs in the vasculature, leading to 
pressure and flow waveforms with different shapes and phases.  Outflow boundary condition 
prescription using a Windkessel model containing a capacitance element can account for the 
downstream vessel compliance and add another level of realism to the simulation.  Using the 
same outlet resistances as in Fig 3b, we now add in a capacitance element to observe the effect in 
Fig 3c.  The pressure and flows through the outlets averaged across the cardiac cycle 
(112mmHg, 24mL/s through main outlet, 21mL/s through branch outlet) are the same as in 3b, 
but we can see that there are now waveform shape and phase differences between pressure and 
flow, as well as between flows through the different outlets.  In addition, the energy storage of 
the capacitor allows the pressure oscillation to be dampened and results in more realistic pressure 
peaks.  This enables greater flexibility for the simulation to capture desired physiological 
scenarios. 
The momentum of the flowing blood presents another variable that affects the 
relationship between pressure and flow.  We can capture the blood momentum effect in the 
downstream vasculature by incorporating inductance elements in the outflow boundary 
Windkessel model.  Keeping the same outlet resistance and capacitance values, Figure 3d shows 
an example simulation with Windkessel outflow boundary conditions now containing 
inductances.  Note that there is an additional phase difference between pressure and flow due to 
the inductance elements.  Compared to Fig 3c, the pressure waveform is shifted forward in time 
and now peaks before the flow peak.  The phase difference between the outlet flows can also be 
adjusted via the ratio of the outlet inductance values.  In a practical situation the inductance 
offers another degree of adjustment to achieve correct pressure and flow phase differences. 
Using resistance, capacitance, and inductance elements in lumped-parameter circuits, we 
can fully capture the important relevant phenomena occurring in the downstream vasculature and 
achieve realistic boundary condition prescription for the fluid dynamic simulation.   
5. Modeling the circulation with a lumped parameter network 
Here we present the mathematical formulations for some of the aforementioned lumped-
parameter boundary conditions, as well as for a heart and a coronary circulation model.  In 
lumped parameter networks, we “lump” the resistive, elastic and inertial properties of blood flow 
through vessels into electrical elements. Therefore, our circulation model becomes analogous to 
an electric circuit.  We then solve the associated set of ordinary differential equations (ODEs) 
governing the electrical circuit. The values of circuit elements are tuned to match physiologically 
realistic values for flow, pressure, and other quantities.  
We use the basic circuit element relations defining a resistor, capacitor and inductor, with 
appropriate analogies to fluid dynamics as follows: 
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 (resistor) 
 (inductor) 
(capacitor) 
Blood viscosity acts to resist flow for a given pressure drop so that, from above, 
 
hence increasing resistance leads to a lower flow rate for a fixed pressure gradient.  We recall 
that for Poiseulle flow, resistance to flow is  
 
where  is the vessel radius and is the vessel length, so that resistance drops dramatically with 
increasing vessel radius.    
 
5.1 Windkessel models 
A basic lumped model is a simple 3-element Windkessel model containing two resistors 
and a capacitor.  This model accounts for the energy loss due to viscosity and energy storage due 
to vessel distensibility of the vasculature. Windkessel in German means “air chamber,” but is 
generally taken to imply an elastic reservoir. In the realm of the cardiovascular system, the 
vessels act as this elastic reservoir.   
Applying Kirchhof's current law (conservation of mass) to the 3-element model shown in 
Figure 4, we have 
 
and the element relations are given by 
 
 
 
where  is the pressure drop across the proximal resistor.   The above relations can be 
combined into a single ODE, together with conservation of mass, and time constant  to 
obtain 
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which has solution 
 
Referring again to Figure 2, we note that the RCR circuit can be used as a boundary condition for 
large vessels such as the aorta, and branch vessels going to head and neck.  In this case, the RCR 
circuit models the proximal and distal resistance and capacitance of the vasculature distal to the 
outlet of the model.    
The four-element Windkessel model incorporates the inertia of blood in the proximal 
circulation by adding an inductor to the 3 element model.  Conservation of mass for this circuit 
implies 
 
and the element relations are given as 
 
 
 
Continuity combined with the last two element relations produces the ODE 
 
Continuity combined with the first element relation produces: 
 
which can then be solved using the solution from the first ODE. 
 
5.2 A Sample Heart Model 
A simple ventricle model can be assembled using the resistor, capacitor, and inductor 
components described above, with the addition of a diode to represent the heart valve and an 
elastance function to model ventricular contraction, as shown in Figure 5.  Given variables 
, we model the inductor with 
 
the capacitor with 
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where  is the volume of the downstream chamber at zero pressure,  and the resistor with 
 
We require that flow goes only one direction through the valve, such that we must have  
for an open valve.    We wish to derive a set of ODEs to govern this model.   We start by relating 
pressure to elastance by 
 
Substituting this into the inductor equation above we have 
 
and into the equation for resistance we have 
 
The difference in flow through the valve and downstream is 
 
from the equation above.   This results in two ODEs for ventricular volume and flow 
 
 
which can be solved for two scenarios:   1) valve closed such that  and  and 2) 
valve open such that  and we evaluate  
5.3 A Coronary Artery Lumped Model 
The coronary arteries are particularly challenging to model due to the interaction of coronary 
resistance with heart contraction.  Coronary flow peaks during diastole, when aortic flow is at a 
minimum, because coronary vascular resistance is reduced with ventricular relaxation.   On the 
other hand, during systole, coronary resistance is high due to ventricular contraction, and 
coronary flow is at a minimum.   This is particularly pronounced in the left coronary artery.   A 
lumped model for use as a coronary artery boundary condition was proposed by Kim et al and is 
shown in Figure 6.[43, 44]    This circuit is governed by the following second order ODE, 
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where  and  are the time varying pressure and flow, the constants are functions of the 
resistances and compliances of the lumped model, and  is the intramyocardial pressure.  
This ODE has analytic solution 
 
where the constants are obtained from coefficients of the ODE and initial conditions, as 
described previously by Kim et al.   Now directing our attention back to Figure 2, we observe 
that these coronary lumped models can be coupled to a 3D model.  Because there is a known 
analytic solution to this ODE, coupling can be done monolithically using the multidomain 
method introduced by Vignon et al, and following the work of Kim et al.[2, 43]   
 
6. Modeling the circulation with the 1-D equations of Blood Flow 
An alternative to the lumped parameter approach is to solve the one-dimensional equations of 
blood flow, which offers a compromise between full 3D models and 0D lumped-parameter 
networks with no spatial dimension.   Derivations of the 1-D equations can be found in previous 
work, along with details of coupling algorithms.[14]   
7. Closed-loop Multi-scale Simulations 
To capture the interaction between the 3D domain and the circulatory system, it is necessary to 
couple 3D simulations to reduced order models such as 1-D equations or lumped-parameter 
models that capture circulatory dynamics.[45]  The open loop lumped-parameter models 
described above can be expanded to full closed-loop networks that can then be coupled to the 3D 
domain.[3, 46-48] 
 
A closed-loop lumped-parameter model has the advantage that the effects from all parts of the 
circulation are fully coupled together to influence the overall simulated physiology.  Figure 7 
shows an example of a closed-loop multi-scale simulation setup.  Compared to the open-loop 
examples presented in figure 3, there is no longer any prescribed fixed inflow to the 3D domain, 
but rather the boundary conditions are results of solving the 0D model equations, which describe 
the responses of the heart as well as different parts of the circulation to pressure and flow.  We 
have discussed the importance of the boundary conditions provided by reduced-order models in a 
simulation.  In a closed-loop scenario, the 3D domain presents itself to the 0D model as a time-
varying resistance, inductance, and capacitance (in the case of deformable wall simulation) that 
are functions of the flow patterns within the 3D domain.  The 0D model behavior is affected by 
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this 3D model behavior, and thus provides boundary conditions that are fully coupled to the 3D 
domain, forming a complete feedback loop.   
 
Closed-loop multi-scale models have been particularly useful in modeling coronary flows, as 
well as complex surgeries in pediatric cardiology applications[3].  For example, the effects of a 
surgical shunt in single ventricle patients can be investigated using such a model, which enables 
considerations of how the shunt resistance influences the balance of blood flow through various 
pathways in light of other systemic resistances and heart behavior[47, 49, 50].  
8. Example Case Studies 
8.1 Virtual Surgeries of the Superior Cavopulmonary Connection 
In this case study we demonstrate the application of patient-specific computational modeling 
to the virtual planning of surgical procedures. We demonstrate the power and potential of 
modeling to predict vascular surgical outcomes and obtain detailed hemodynamic information at 
zero risk to the patient, through a case study of a patient-specific model of a single ventricle 
stage 2 procedure. 
Single ventricle congenital defects result in a heart that has only one functional pumping 
chamber. Palliation for these conditions typically requires a three-staged operative process, 
where a shunt is placed between the systemic and pulmonary arteries in stage 1, and the superior 
venous return is connected to the pulmonary circulation in stage 2.  The stage 2 palliative surgery 
has two options: the “Glenn” or “Hemi-Fontan” procedures[51].  The Glenn procedure involves 
directly connecting the superior vena cava to the right pulmonary artery, and the Hemi-Fontan 
procedure involves reconstruction of the right atrium and pulmonary artery to allow for an 
enlarged confluence with the superior vena cava.  Various degrees of pulmonary stenosis are also 
common among these patients, and additional surgical steps are often taken to remove the 
stenosis during the stage 2 procedure.  Using a multi-scale blood flow simulation, we can 
computationally investigate the hemodynamic differences between the Glenn and the Hemi-
Fontan surgical options, as well as the necessity of pulmonary stenosis (if one is present) 
palliation during the stage 2 surgery. 
The computational model is created using the pre-operative imaging and clinical data 
acquired in the patient.  From the patient imaging data, we can construct a pre-operative 3D 
model that is a representation of the patient's pre-operative anatomy.  Then based on the pre-
operative 3D model, we perform "virtual" Glenn or Hemi-Fontan surgeries by computationally 
modifying the pre-operative 3D model. Additionally,  we add a "virtual" left pulmonary stenosis, 
to create different 3D models representing various stage 2 scenarios (Figure 8).  Using the pre-
operative clinical data, we also tune the closed-loop lumped-parameter network (0D model) to 
represent the systemic circulation of the patient, and couple the network to the 3D model to 
complete a multi-scale simulation setup (Figure 9).    
Using commercial mesh generation software (MESHSIM, Simmetrix, Inc., NY), the 3D 
models are discretized into isotropic finite-element meshes with a maximum edge size of 0.3mm 
and containing 864,000 ~ 1.3 million linear tetrahedral elements.  We couple the 3D anatomical 
model to the lumped-parameter network, and numerically compute the coupled system using 
custom stabilized finite-element method solving the incompressible Navier–Stokes equations 
(Simvascular, www.simtk.org) while assuming non-moving vessel walls.[45, 52]  Neumann 
boundary conditions are applied between the 3D and 0D models, in which the 3D model receives 
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pressure information from the 0D model, and returns flow information to the 0D model.  Flow 
and pressure in the 0D model are computed from a set of algebraic and ordinary differential 
equations derived from the lumped-parameter network, using a 4th order Runge-Kutta method.  
We extract clinically relevant information from the results of these multi-scale simulations, 
such as the 3D pressure and flow in the anatomical model (Figure 10), time tracings of various 
quantities in the circulation (Figure 11), measures of power loss in the surgical junction relative 
to other systemic powers (Figure 12), etc.  From the results of this case study, we see that the 
different surgical options and pulmonary palliation would not greatly affect the physiologies at 
the systemic level.  However, local fluid dynamics differences do exist in the surgical junction, 
and the 3D hemodynamics data can be used to consider clinical issues such as thrombotic risk.  
In addition, the analysis of power loss within the surgical junction relative to systemic power can 
be used to provide pulmonary stenosis palliation decision support.  In this particular example 
case and under the physiology investigated, it appears that a 50% or 85% area stenosis would not 
introduce a significant load to the cardiovascular system as a whole, nor significantly impact 
overall physiology.  The results extracted from these simulations suggest that hemodynamic 
differences between the surgical options for this particular patient may be small, and that surgical 
considerations could place higher priorities to other factors such as procedural risk or the 
confidence of the surgeon towards different procedures. 
 
8.2 Thrombotic Risk in Kawasaki Disease Aneurysms 
In this example we show how blood flow simulation is applied to investigate hemodynamics 
in coronary artery aneurysms caused by Kawasaki disease (KD), and how they differ from the 
hemodynamics in healthy coronary arteries.[4] 
 KD is an acute vasculitis occurring primarily in young children.  The acute phase of the 
disease can damage the coronary arteries and leave coronary aneurysms in approximately 25% of 
untreated cases[53], and 3–5% of intravenous immunoglobulin treated cases[54].  These 
coronary aneurysms elevate the risk of thrombosis, which can then lead to myocardial infarction 
and sudden death[55].  Without a thrombotic episode, patients with KD coronary aneurysms are 
typically asymptomatic, and patient selection for treatments such as systemic anticoagulation and 
coronary artery bypass surgery[56] is challenging. Hemodynamic parameters from blood flow 
simulations may ultimately provide an estimate for the risk of thrombosis and help guide patient 
management. 
        Based on clinical imaging data from a 10-year-old patient who had suffered KD at the age 
of 3, and developed giant coronary artery aneurysms, we constructed a 3D computational model 
of the patient anatomy (Figure 13a).  Another 3D model was created to represent a normal 
healthy coronary artery anatomy by replacing the aneurysmal regions with normal coronary 
geometry (Figure 13b).  This allows for a direct comparison of hemodynamic differences 
between the normal and pathological states of the same patient.  We construct a finite element 
mesh for each model using commercial software (Symmetrix, Inc, Troy, NY). Adaptive meshing 
with a minimum mesh size of 0.2 mm is then applied based on the Hessian of the velocity field.  
The resulting meshes have over 3.5 million elements for both the normal and the KD model.  
        Figure 14 represents the multi-scale simulation setup using these 3D anatomical models 
coupled to reduced-order 0D models.  We prescribe an inflow boundary condition at the aortic 
root, coronary boundary conditions at the coronary artery outlets, and RCR boundary conditions 
at all other outlets of the model.  Readers may refer to the previous sections for detailed 
descriptions of these types of boundary conditions.  The parameters in the 0D models are tuned 
15 
  
using a combination of clinical data measured in the patient, and literature knowledge of flow 
and resistances.  Computation of the coupled system is then performed using the methods 
described in the previous case study. 
        From simulated pressure and flow results, we compute wall shear stress and particle 
residence times.  Figure 15 compares the spatially averaged WSS between the KD and normal 
cases at different locations.  It is clear that the aneurysmal coronary arteries exhibit much lower 
wall shear stresses compared to the normal.  Particle-tracking analysis also demonstrates 
differences between normal and aneurysmal coronaries.  In the aneurysmal case 30% of particles 
released at the aortic root circulate in the aneurysms for one full cardiac cycle, and some 
particles remain in the domain for as long as 5 cardiac cycles. In the normal coronary artery 
model, all particles exit the domain within 1.3 cardiac cycles.  With continual improvement of 
understandings of how hemodynamic parameters specifically correlate with thrombotic risk, 
these blood flow simulation results will provide increasingly valuable information towards 
clinical support of KD patient management. 
 
8.3  Hepatic Blood Flow Distribution in the Fontan Junction 
In this case study, we demonstrate how blood flow simulations are used to evaluate the 
performance of different Fontan surgical geometries, using hepatic flow distribution to each lung 
as a metric of performance.[57]   
As presented in section 8.1, palliation for single ventricle defects typically requires a three-
staged operative process.  Here we focus on the stage-3 Fontan completion procedure, in which 
the inferior vena cava (IVC) is connected to the pulmonary arteries, restoring an in-series 
systemic-to-pulmonary circulation.  One clinical consideration regarding this physiology is the 
development of pulmonary arteriovenous malformations, which is known to correlate with 
hepatic flow distribution, meaning the fractional split of the blood returning from the liver 
through the IVC entering each lung.  Studies have revealed a clear link between the absence of 
hepatic venous return and the development of pulmonary arteriovenous malformations, 
suggesting that the hepatic blood flow may contain factors required for proper lung 
development.[58]  It is therefore important to consider the maintainance of an even hepatic flow 
distribution while designing a Fontan surgical geometry, to ensure the proper development of 
both lungs.   
There are various surgical options for the stage 3 procedure, including the T-junction option 
where the IVC is anastomosed to the pulmonary arteries via a straight vascular graft, the offset 
option where a curved graft is anastomosed to the left pulmonary artery, and the Y-graft option 
where a bifurcated Y-shaped graft is anastomosed to the left and right pulmonary arteries 
separately.[59, 60]  For each surgical option, there can be also variations in the geometrical 
design.  
In this case study we evaluate the performance of various surgical alternatives in terms of 
hepatic distribution in 5 patients.  Starting from a pre-operative 3D anatomical model constructed 
based on clinical imaging data of each patient, we perform virtual stage 3 surgeries to construct 
various Fontan surgical junction geometries based on different surgical alternatives (Figure 16).  
Following common clinical practice, the virtual surgeries adapt Y-grafts with a 20-mm diameter 
trunk and 15-mm diameter branches, and T-junction and offset grafts with a 20-mm diameter 
trunk.  The anatomical models are then processed via isotropic tetrahedral mesh generation and 
anisotropic mesh adaptation, resulting in final finite element meshes consisting of approximately 
1 to 1.5 million elements. 
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Based on pre-operative phase-contrast MRI acquired in each patient, we prescribe inflow 
boundary conditions to the superior vena cava (SVC) and IVC faces of each anatomical model.  
Due to the anatomical differences pre and post surgery affecting the IVC flow waveform shape, 
the amplitude of the IVC flow waveform is scaled to match that of a typical Fontan patient.  For 
the pulmonary outlet branches, we prescribe RCR boundary conditions tuned to pre-operative 
pressure and flow split, assuming that they do not change in the immediate post-operative 
scenario.   
From the 3D simulation results, we perform Lagrangian particle tracking to quantify the 
hepatic flow distribution.  Massless particles are computationally released at the IVC face and 
tracked until they exit the domain through a pulmonary outlet (Figure 17).  The fraction of IVC 
flow that enters the left and right pulmonary arteries for different surgical alternatives for each 
patient is then obtained and shown in Figure 18.  The theoretical optimum hepatic distribution is 
calculated based on conservation of mass and the total amount of flow entering each lung. 
We can see from these results that the different surgical alternatives can indeed return 
drastically different hepatic distribution performances in each patient.  Surgical alternatives can 
be selected with these considerations in mind.  The blood flow simulation analyses presented in 
this case study provide means to predict surgical outcomes and to aid in surgical decision support 
for the Fontan stage 3 procedure. 
9. Future Perspective 
Simulation technology for cardiovascular disease has now advanced to the point of successful 
clinical adoption in select studies, with more widespread adoption likely to follow in the near 
future.   Most notably, simulations led to the development and clinical pilot studies of the Fontan 
Y-graft surgery, and recent favorable comparisons of simulation-derived fractional flow reserve 
(FFR_CT) with catheter measurements in adult coronary artery disease patients.[61]     
There are several roadblocks currently preventing wider adoption of simulation tools and 
application to large-scale clinical studies.  First, there is a pressing need for clinical validation 
data and statistical correlation with patient outcomes.  Unlike other traditional engineering fields, 
acquisition of in vivo validation data is often hindered by ethical considerations and imaging 
limitations.  However, this is likely the single most important factor currently hindering the 
adoption of simulation methods in the clinic. Second, there is a need for a numerical framework 
to handle uncertainty propagation from simulation inputs (e.g. clinical data and noisy images) to 
outputs (e.g. simulation predictions of patient risk).  Together with uncertainties, parameter 
identification should be used to automatically tune models to match available clinical data in the 
presence of uncertainties.  Third, there is a pressing need for accelerated image segmentation 
tools to automate the model construction process.   Without these tools to reduce laborious user-
input, simulations will remain limited to small-scale clinical studies. 
In addition to overcoming the above roadblocks, there are several important new areas of 
research that will enhance the future scientific and clinical value of cardiovascular simulations.   
First, there is a need to couple simulations with models of vascular growth and remodeling.  This 
would enable fluid solid growth simulations, in which vessels would adapt in silico to changing 
flow and pressure conditions.   Second, there is a need to couple simulations with biochemical 
models of the thrombosis process.    This would allow for improved prediction of thrombotic risk 
due to aneurysms, for stroke patients, or inside medical devices.   Finally, fluid structure 
interaction simulations should be improved to fully model the vessel wall, including variable 
properties and external tissue support, and characterization of patient specific material properties.      
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FIGURES:
 
Figure 1:  The steps in model construction using the Simvascular software package with 2D 
segmentation methods: 1) pathlines down the center of vessels of interest, 2) 2D segmentation of 
the vessel lumen, 3) lofting the segmentations to construct a 3D model, and 4) creation of an 
unstructured mesh for use in a flow solver.  Example shown is construction of a patient specific 
model of the vertebral vasculature from MRI data.  (image courtesy CVET)  
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Figure 2:  A typical patient specific model of the aorta and coronary arteries in a patient with 
Kawasaki Disease, illustrating the application of inflow and outflow boundary conditions.   The 
model requires application of an aortic inflow condition, and lumped RCR models for the aorta 
and aortic branch vessels, with a specialized lumped coronary model.   
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Figure 3.  Examples of Outflow BC Prescriptions and Effects on Simulation Results 
a) Zero-pressure  b)  Resistance  c) Resistance-Capacitance-Resistance  d)  Inductance-
Resistance-Capacitance-Resistance 
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Figure 4:   Lumped parameter models 
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Figure 5:   Sample heart model circuit  
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Figure 6:   Sample coronary lumped model circuit  
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Figure 7:  Sample Closed-loop 3D/0D Coupled Simulation Setup 
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Figure 8:  The process of pre-operative 3D anatomical model construction from imaging data, 
virtual stage 2 surgery, and virtual pulmonary stenosis 
 
 
Figure 9:  Pre-operative clinical data, and the 0D lumped-parameter network model coupled to 
the 3D anatomical model. 
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Figure 10:  3D Domain Simulation Results 
 
 
Figure 11:  Time tracing of various physiological parameters 
 
 
      
Figure 12:  Power loss in the surgical junction as a fraction of other systemic powers 
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Figure 13:  3D models of aorta and coronary arteries a) with and b) without aneurysms  (ref) 
 
Figure 14:  Multi-scale simulation setup for modeling coronary flow (ref) 
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Figure 15: Comparison of spatially averaged wall shear stress (WSS) between the KD and 
normal cases at different locations (ref) 
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(ref) Figure 16: Pre-operative patient models and variations of Fontan geometries for 5 patients.  
Patients B and E have stenoses in the pre-operative anatomy denoted by arrows. 
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(ref) Figure 17: An example visualization of the particle tracking computation.  LPA, Left 
pulmonary artery; RPA, right pulmonary artery. 
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(ref) Figure 18: Hepatic flow distribution results.  IVC, Inferior vena cava; RPA, right 
pulmonary artery; LPA, left pulmonary artery. 
